Abstract-Accelerated eutrophication of surface water sources has resulted in an increased presence of cyanobacterial blooms in fresh water. The release of hepatotoxins like microcystins from such blooms can have a catastrophic impact on local human and wildlife ecosystems. Therefore, a rapid, low-cost, reliable, and highly sensitive method for low-concentration detection of microcystins is needed to minimize risks to public health. In this paper, we report the first experimental demonstration of microcystinleucine-arginine (MC-LR) detection in water at low part-pertrillion levels using a portable optical sensor. The demonstrated biosensor utilizes a highly sensitive electromagnetic surface wave in periodically coupled artificial nanostructures to directly probe the interaction between immobilized antibodies and MC-LR. The surface customization reported here uses a layer-by-layer polyelectrolyte adsorption process to provide highly stable and site-directed immobilization of target antibodies. Steady-state analysis of the sensor's response confirms that the plasmonic sensor can detect the presence of MC-LR antigens at part-pertrillion levels. The demonstrated sensor is an important first step toward realizing a lab-on-a-chip sensing system for in si t u, autonomous, real-time, distributed environmental monitoring of MC levels in drinking water.
Among cyanotoxins one of the most toxic, and therefore most studied, is the cyclic heptapeptide hepatotoxin known as microcystins (MCs) [2] [3] [4] [5] . Microcystin-LR (MC-LR), where L and R represent the amino acids leucine and arginine respectively, is found to be most toxic and common [3] [4] [5] . Additionally, due to their solubility and chemical stability MCs show long-term persistence in surface water [2] , [4] . Chronic ingestion of small amounts of MCs can lead to liver cancer while acute consumption of affected water has proven to be fatal [6] [7] [8] . The World Health Organization (WHO) has determined that due to the detrimental effect of MCs on public health, a maximum concentration of 1 μg/L of MC-LR in drinking water is recommended [5] . Adherence to this guideline has become a top priority for water suppliers in both a public and private capacity. Therefore, the development of a reliable, rapid, cost-effective, highly sensitive, and simple method for monitoring levels of MC-LR is imperative to protect public health.
A. MC-LR Detection Methods
To date, many methods for MC-LR detection have been studied and implemented. Liquid chromatography coupled with mass spectrometry is most popular and highly accurate, but requires time-consuming sample preparation and lab-required processing. Additionally, this method requires considerable equipment and operational costs [9] [10] [11] . Biochemical screening methods such as enzyme-linked immunosorbent assays, competitive enzyme immunoassays [12] , [13] , or protein phosphate inhibition assays [12] , [13] have also been used. These processes require trained personnel and long analysis times. An optical fiber-based detection method using fluorophore labelled biomolecules has been successfully implemented [14] . Dipstick assays based on colloidal gold particles and lateral flow mechanisms are also commercially available. Both methods are not quantitative and suffer from low sensitivity [15] , [16] . Most recently, optical detection of MCs through surface plasmon resonance (SPR) sensing systems, such as Biacore TM , have been reported [17] [18] [19] . In this approach, a prism-based free-space coupling setup is used to excite surface plasmon waves to detect antibodyantigen interactions on the sensor surface. However, the demonstrated SPR sensors require precise and reliable control of an incident beam in order to excite surface plasmon (SP) waves on a planar metal film, making the overall system bulky and vulnerable to mechanical noises. The reported minimum detection limit of MC-LR using the commercial SPR-based sensing systems is 73 ± 8 ng/L [17] .
Periodic metal nanostructures have been widely used in biosensing applications such as: malaria pathogen detection [20] , [21] , virus detection [22] , and cancer diagnosis [23] , [24] . A comprehensive treatment of periodic nanostructures with applications in bio/chemical sensing can be found in literature [25] , [26] . Advanced designs for enhanced refractive index sensitivity have also been demonstrated [27] [28] [29] [30] . Unlike the aforementioned planar plasmonic sensor, the spectral response of nanostructured plasmonic sensors can be precisely engineered. Additionally, metal nanostructures, such as nanohole arrays (NHAs), utilize diffraction to excite SP waves and therefore do not rely on complex, bulky optical coupling equipment.
In this paper, we report the first experimental demonstration of label-free MC-LR detection in water at low partper-trillion (ppt) levels using a periodic nanostructure-based sensor. The demonstrated sensor uses extraordinary optical transmission (EOT) through a 2-D subwavelength hole array in a metal film as an optical probe to detect MC-LR. The EOT condition is extremely sensitive to any refractive index perturbation in the surrounding medium of the hole array [31] . In order to determine the detection limit of an EOT-based sensor, we performed a series of experiments using a serial dilution of MC-LR in section III-A. Label-Free Detection of MC-LR. The surface of the fabricated sensor is functionalized using commercial IgG monoclonal antibodies with 4-Arg MC variant specificity via a polyelectrolyte adsorption process [32] . The immobilized antibody layer serves as a bio-transducer for MC-LR. The demonstrated sensor shows an excellent detection limit of 10 ng/L in MC-LR sensing. The experimental demonstration reported here is an important first step towards the development of a lab-on-a-chip (LOC) sensing system used for large-scale, real-time monitoring of MC-LR levels in surface water supplies.
II. METHODOLOGY

A. EOT-Based Sensing
An SP-based sensor excites an SP wave which is bound to a metal-dielectric interface. Changes in the dielectric layer will result in changes in the phase matching conditions of the SP wave. The biosensor reported here utilizes the phenomenon of EOT through periodic metallic nanostructures to monitor refractive index changes induced by antibodyantigen interactions. A number of different theories have been published to explain the underlying physics of EOT including Rayleigh anomalies [33] , Wood's anomalies [34] , plasmonic Bloch waves [34] , Fano-type resonance [35] , and resonant cavity theories [36] . It has been also reported that many nanostructures exhibiting EOT have great potential for bio/chemical sensing applications due to their high sensitivity to external perturbation [28] , [37] , [38] . As schematically shown in Figure 1 (a), the demonstrated sensor detects the interaction between immobilized antibodies and MC-LR using an EOT peak.
The fabricated plasmonic sensor is comprised of an array of 2D periodic nanoholes and a bio-transducer layer. The patterned nanostructure converts incoming photons into SP waves on the surface. The excited SP waves are reradiated into a forward propagating wave, creating enhanced optical transmission. The excitation-reradiation process of the SP waves is highly sensitive to the surface condition of the nanostructure. This mechanism enables transduction of antibodyantigen binding events directly into a far-field optical signal.
As noted, excited SP waves are extremely sensitive to changes in surface conditions, for example, changes in refractive index within the sensing volume. In our sensing scheme, the sensing volume can be described as the region where the probe beam will interact with biomolecules. This region is primarily comprised of DI water with a bulk refractive index of 1.33. A previous study has shown that the bulk refractive index of MC-LR is approximately 1.42 in the visible spectrum [19] . The effective refractive index of a mixture of DI water and MC-LR can be described by the Maxwell-Garnett effective medium theory [39] . As the volume fraction of MC-LR increases through antibody-antigen binding, the effective index of the medium in contact with the sensor would increase as well resulting in a shift of the transmitted signal. Through this process antibody-antigen binding events are transduced into the transmitted signal through the process of EOT.
B. Sensor Design and Characterization
The spectral response of nanopatterned plasmonic structures, such as NHAs, can be precisely controlled by the application of well-known design parameters [40] . The position of an EOT peak can be accurately determined from the excitation condition of an SP wave which is given by, where β is the wave vector of the excited plasmon wave, k inc is the wave vector of the incident wave, θ is the angle of incidence, m is an integer, and K G = 2π/ is the reciprocal vector of the nanostructure. Figure 1 (b) depicts diffractionassisted excitation of an SP wave. β in (1) can be obtained by numerically solving the characteristic equation of a three-layer guiding structure [21] ,
where
is the wave number in free space, and t is the thickness of the metal. Equations (1) and (2) were used to design a nanohole array which produces an EOT peak around λ = 720 nm. The excitation-reradiation process of the SP waves is experimentally observed as resonant peaks in the transmission spectrum as shown in the inset of Figure 2(b) .
Fabrication of the sensor was performed by depositing a 100 nm-thick gold layer on a microscope slide. The 250 nm diameter nanoholes were patterned using focused ion beam milling with a period of 500 nm. The overall size of the nanohole array is 90 μm × 90 μm. Finally, a polydimethylsiloxane (PDMS)-based micro-reservoir was built on the gold film to confine the analyte to the sensing surface. PDMS has been widely used in bio/chemical sensing applications because of their chemical stability and inertness [41] .
Experimental characterization was performed by monitoring the output spectrum of the sensor. A quartz-tungsten-halogen lamp was coupled into a large core fiber and focused onto the nanostructure through a 50X microscope objective at surface normal incidence. The transmitted beam was collected by a fiber-coupled spectrometer. A schematic of the experimental setup is shown in Figure 2(a) .
Sensitivity calibration of the fabricated sensor was performed by introducing solutions of known refractive index onto the sensor's surface. It has been shown that the refractive index of an aqueous solution can be changed by altering glucose concentrations according to a well-known formula [42] . The refractive index of each aqueous solution was calculated and ranged from 1.34 to 1.38 in steps of 0.01 refractive index units. An initial measurement of the sensor's response to deionized (DI) water was recorded to serve as a baseline. In each subsequent measurement a solution of known refractive index is introduced on the sensor's surface and the transmitted intensity is recorded. Between measurements the surface is cleaned three times with DI water and the transmission spectrum is measured. As shown in Figure 2 (b) the measured transmission spectra of the sensor indicates excellent recovery to the baseline. The interrogation variable reported in Figure 2(b) is relative change in normalized intensity. Intensity interrogation was chosen to demonstrate the simplicity of the fabricated sensor. Other interrogation methods, such as wavelength or phase, require additional equipment that is not feasible for use in LOC devices. Intensity interrogation monitors the intensity values in the transmitted spectrum at a fixed wavelength. The intensity value at λ = 710 nm was chosen to report data from this experiment. As the transmission spectrum changes due to refractive index perturbation a noticeable change in intensity is observed. Through simple linear regression, the sensitivity of the sensor is determined to be 946.1% per refractive index unit at λ = 710 nm.
C. Chemical and MC Preparation
Sodium 3-mercapto-1-propanesulfonate (Mercapto), poly (allylamine hydrochloride) (PAH), protein G, sodium azide, and phosphate-buffered saline (PBS) were all purchased from Sigma-Aldrich (Steinheim, Germany). Ultrapure Milli-Q water was used throughout the investigation. Monoclonal MC antibodies (MC10E7-mAb) (Ab) and MC-LR antigens (Ag) were purchased from Enzo Life Sciences (New York, US). All solvents and buffer solutions were filtered through 0.20 μm nylon membranes. Volumes were measured using an Eppendorf calibrated pipette (Hamburg, Germany) with an error of ±0.6% inaccuracy. Mercapto was prepared in methanol with a final concentration of 17.38 mg/mL. A PAH solution of 2 mg/mL was prepared in ultra-pure DI water. Protein G was reconstituted in DI water and the 50 μg/mL solution was stored at −20°C. The Abs were reconstituted in a 200 μL PBS solution with 0.0363 mg of sodium azide resulting in a stock solution of 1 μg/mL. The Ag stock solution of 10 μg/mL was prepared in methanol. Serial dilutions were performed on Ab and Ag stock solutions. The final Ab concentration was 1 μg/mL, however, multiple Ag concentrations (10 ng/L, 50 ng/L, 100 ng/L, 400 ng/L, and 500 ng/L) were prepared in DI water. Aliquots of the Ab and Ag solutions were stored at −20°C.
D. Surface Customization and Antibody Immobilization
Stable, site-directed, antibody immobilization was achieved by functionalizing the gold surface using a layer by layer (LBL) polyelectrolyte adsorption process. A flow chart of the functionalization process can be seen in Figure 3 . The fabricated sensor was immersed overnight in a Mercapto bath. This results in a negatively charged gold surface. The first polyelectrolyte layer, PAH, was then deposited on the negatively charged surface. After twenty minutes the sensor was cleaned with multiple cycles of DI water. The result is a positively charged monolayer bound to the gold surface. The sensing surface was then exposed to the protein G solution. The pH of this solution was determined to be 7.6 which has been shown to specifically orient protein G molecules to increase binding events with Fc binding sites on antibodies [43] , [44] . Protein G also carries a net negative charge in this pH range which readily binds to the positively charged PAH layer. The surface was cleaned with DI water after a ten minute incubation period. The sensor was then exposed to Abs for twenty minutes. Due to the orientation of the protein G layer the Abs were oriented such that their Fab fragments were pointing towards the solution and away from the sensor's surface. This is important to note as the Fab fragment is the specific binding site for the Ag. Through the LBL process there is increased likelihood of antibody-antigen interactions through increased access to binding sites. This process also reduces the potential of non-specific binding as the final layer of the bio-transducer is terminated with antibodies of high selectivity with the target pathogen.
III. RESULTS AND DISCUSSION
A. Label-Free Detection of MC-LR
Experimental investigation of label-free MC-LR detection was performed using the experimental setup displayed in Figure 2(a) . A series of experiments were designed to characterize the ultimate detection limit of the fabricated sensor under given conditions. The transmission intensity of the biosensor was measured during each step of the functionalization process. First, the transmitted response of the biosensor was measured with DI water introduced onto the surface. Next, solutions were introduced onto the sensing surface as follows: Mercapto, PAH, protein G, and Ab. As noted previously, each layer deposited on the biosensor was allowed to incubate for the specified time. In between applications of the above chemicals, the sensing surface was cleaned with multiple cycles of DI water. Following the cleaning step, 20 μL of DI water was introduced on the sensing surface. The transmitted intensity at λ = 710 nm was then recorded every ten seconds for two minutes. This measurement displays the steady-state response of the biosensor during surface functionalization. As noted above, Abs were introduced following the immobilization of protein G onto the gold surface. The response of the sensor to this solution serves as the baseline for the immunoassay. Ag solutions of increasing concentration, with a fixed volume of 20 μL, were then introduced onto the sensing surface.
The measurement process for Ag detection is as follows. An initial 20 μL solution with Ag concentration of 10 ng/L was injected and allowed to incubate for ten minutes. A rinse step was performed to remove unbound antigens. Next, 20 μL of DI water was introduced onto the sensing surface. Finally, the transmitted intensity at λ = 710 nm was measured every ten seconds for two minutes. This process is repeated as solutions of higher Ag concentration are introduced resulting in final concentrations of 50 ng/L, 100 ng/L, 400 ng/L, and 500 ng/L. A summary of these results is shown in Figure 4 . As a final step, the sensing surface is reset using an elution buffer of 2M NaCl. After a five minute incubation step, the sensor is rinsed repeatedly with DI water and the transmitted intensity is recorded every ten seconds for two minutes.
The optical response of the fabricated sensor has been investigated to determine: the ultimate detection limit of the fabricated sensor to MC-LR, the linearity of the sensor's response at variable MC-LR concentrations, and the stability of the sensor's response during operation. As seen in Figure 4 , there is a noticeable change in the transmitted intensity after each introduction of the antigen solution. The sensor's response to the Ag is measured to be the difference between the transmitted intensity value of the sensor after antibody immobilization and each antigen measurement. A change of 2.83% in transmitted intensity at a concentration of 10 ng/L is observed, demonstrating excellent sensitivity of the fabricated sensor to MC-LR. As shown in the inset of Figure 4 , the response of the sensor to MC-LR exhibits two linear regions, labelled as S 1 and S 2 . The first region, covering from the baseline up to 100 ng/L, shows a change in relative intensity of 10% per 100 ng/L. However, in the second region we observe a change in relative intensity of approximately 9% as MC-LR concentrations change from 100 ng/L to 500 ng/L. The resultant fitting statistics of a simple linear fit are I/Conc. = 0.087 and I/Conc. = 0.022 for the S 1 and S 2 regions, respectively. The fitting statistics are measured as change in transmitted power per unit concentration of MC-LR, or %/(ng/L). Each region shows good linearity but different sensitivity to MC-LR. The reduced sensitivity of the sensor at high concentrations (>100 ng/L) of MC-LR is due to the limited number of the available binding sites of immobilized Abs within the active sensing area of the fabricated sensor. The sensor also offers highly stable transduction of Ab-Ag interactions into an optical signal. Small fluctuations in the recorded intensity at each measurement step demonstrate the stability of EOT-based MC-LR sensing. It has been confirmed that the sensing surface can be restored by a high salt solution by removing polyelectrolyte layers [45] . This is supported by a strong change in the transmitted intensity displayed as 'Reset' in Figure 4 .
IV. CONCLUSION
In conclusion, a lithographically patterned nanostructure was used to experimentally demonstrate label-free detection of MC-LR at sub-part-per-billion levels. Excited SP waves were used to probe antigen interactions with antibodies immobilized on a gold surface through a polyelectrolyte adsorption process. Detection of ultra-low concentrations of MC-LR by the biosensor is an important first step towards the development of a LOC-based optical sensing system for in-situ, autonomous, real-time, environmental monitoring of MCs in drinking water.
